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In recent years, organs-on-chips (OOCs) have been developed to meet the desire for more realistic in vitro cell culture models. These systems introduce microfluidics, mechanical stretch and other physiological stimuli to in vitro models, thereby significantly enhancing their descriptive power. In most OOCs, porous polymeric membranes are used as substrates for cell culture. The polymeric material, morphology and shape of these membranes are often suboptimal, despite their importance for achieving ideal cell functionality such as cell -cell interaction and differentiation. The currently used membranes are flat and thus do not account for the shape and surface morphology of a tissue. Moreover, the polymers used for fabrication of these membranes often lack relevant characteristics, such as mechanical properties matching the tissue to be developed and/or cytocompatibility. Recently, innovative techniques have been reported for fabrication of porous membranes with suitable porosity, shape and surface morphology matching the requirements of OOCs. In this paper, we review the state of the art for developing these membranes and discuss their application in OOCs.
Introduction: the need for organs-on-chips
The development of new drugs is becoming more difficult, time-consuming and costly. Despite all the trials done before approval of a drug, reactions of patients to the drug can differ greatly. In fact, individuals can even react adversely to a drug. These responses do not always become apparent in the first stages of clinical trials. Participants are often selected on characteristics such as sex, age or ethnicity and thus do not represent the entire population. Also, due to ethical reasons, the effects of drugs on children are hardly investigated. As a result of these limitations, clinical trials often do not show the entire spectrum of responses to a drug. Moreover, many drugs fail during clinical trials, despite showing efficacy during preclinical trials. The notion that we cannot fully rely on animal models is growing. Despite a considerable resemblance in both genetics and physiology between animal models and humans, animal models often do not accurately predict how drugs will perform in humans.
In vitro models have the advantage that they often use only human cells. However, they lack the physiology of a tissue, and thus cell behaviour may differ from the in vivo situation. Transwell w inserts consist of small baskets with a porous, permeable membrane underneath which can be placed in a well plate. This way, the membrane is suspended above the bottom of the well (figure 1a). Lung cells, for example, can be placed on the membrane and exposed to air (figure 1a), while receiving nutrients through the membrane. This already allows more realistic cell culturing than traditional systems. However, the cells do not experience stimuli such as air flow or mechanical stretch.
In vitro models that better predict drug responses and can account for individual differences would address many of the issues in drug development. Because of the need of such in vitro models, organs-on-chips (OOCs) have been developed [1 -48] . These are small microfluidic devices that mimic a particular organ by introducing organ-like features such as fluid flow and mechanical stress (figure 1b,c). Cell lines are used in most OOCs, but the need for the development of personalized therapies leads to the desire of using human-induced pluripotent stem cells (hiPSCs). With iPSC technology, differentiated cells can be dedifferentiated to an embryonic stem cell-like state, after which they can be redifferentiated to any cell type. The development of OOCs and iPSC technology could result in powerful tools for developing personalized therapies. Moreover, iPSC technology could also provide an opportunity to test drugs on cells derived from children or other parts of the population which are generally not investigated. By giving a more accurate prediction of drug responses in humans, fewer drugs would fail in clinical trials, thus decreasing overall development costs and time. Moreover, because of their small size, OOCs only need small amounts of resources and thus are not expensive. OOCs could also lead to a decrease in animals needed for research, reducing the ethical difficulties related to drug development. Ultimately, they can provide patients with more effective drugs faster, cheaper and with a lower ethical impact.
Although each type of OOC is different in order to mimic a specific organ properly, many of their characteristics are the same (figure 1b). They often consist of a 'blood vessel compartment' containing endothelial cells and an 'organ compartment' containing cells of the tissue or organ of interest. Between the two compartments, generally, a porous polymeric membrane is applied for achieving cell adhesion and cell separation as well as cell communication between the two compartments. In this review, membranes are defined as interfaces between two phases. Membranes have a selective permeability, based on the membrane structure among other factors. Therefore, a distinction can be made between porous membranes which contain microscopic pores and non-porous membranes which only contain molecular pores, i.e. intermolecular spaces through which gases can diffuse. This is based on the definition of a membrane given by Mulder [49] . In OOCs, the different cell types are grown on opposite sides of the membrane. The blood vessel compartment can be perfused with aqueous Figure 1 . Schematic representation of lung cell culture systems. (a) Lung epithelial cells are cultured in a conventional manner on a porous poly(bisphenol-A carbonate) (PC) or poly(ethylene terephthalate) (PET) membrane using a commercially available Transwell w system. Initially, cell culture medium is provided both on top of the cells and below the insert, i.e. submerged culture. Subsequently, the medium on top of the cells is removed to expose the cells to air, i.e. air -liquid interface culture. This causes the cells to transition to a pseudostratified epithelium. Nutrients from the cell culture medium pass through the membrane. (b) OOCs generally comprise two compartments that are connected via a porous, polymeric membrane. The blood vessel compartment contains a flowing fluid which substitutes the blood in the particular organ, often containing the nutrients and other factors which the cells need, such as cell culture medium. Endothelial cells can be cultured on the membrane to represent the blood vessel wall. The organ compartment holds cells of the organ of interest, for example liver, kidney or lung epithelial cells which are grown on the other side of the membrane. The compartment is usually filled with a medium mimicking the fluid in the organ or, for example, air, in the case of the lung or skin. In most OOCs, this medium flows to mimic the flow of air or liquid in the organ. (c) A lung-on-a-chip consisting of a microfluidic device with three channels. The middle channel contains two compartments, separated by a porous poly(dimethyl siloxane) (PDMS) membrane. Lung epithelial cells are cultured on the top side, while endothelial cells are cultured on the bottom side of the membrane. Air and cell culture medium flow through the top and bottom compartment, respectively. A vacuum can be applied in the adjacent two channels which provide mechanical stretch to the membrane and cells. Adapted from Huh et al. [1] . (Online version in colour.)
solutions of nutrients, such as cell culture medium or a blood substitute ( figure 1b,c) . The nutrients will need to pass the endothelial cells and the porous membrane to supply the cells of interest that are cultured on the other side of the membrane. Similar to the blood vessel compartment, the organ compartment can often be perfused, for example, with a nutrient-rich fluid in a gut-on-a-chip [8, 9, 18, 19, 29, 39, 50, 51] (figure 1b) or ventilated with air as would be appropriate for a lung-on-a-chip [11, 12, 31, 36, 42] (figure 1b,c). In addition, applying mechanical forces to the cells by stretching the cell-covered membranes can simulate the peristalsis in the intestines or the respiratory movement in the lungs [1, [10] [11] [12] [13] 18, 19, 42] .
Despite the drastic advancement in OOC technologies in general (better sensors, pumps and microfluidics) with a rapidly expanding library of OOCs of different organs or redesigns of already existing ones, the advancements in the development of appropriate porous, polymeric membranes are very slow. Only a handful of materials are applied for membranes in OOCs (table 1) . These membranes and the materials they are made of are very relevant in these models because they provide structural support for the different cells while also allowing nutrient transport to the separate compartments. It is also known that cells react to environmental cues like chemistry, stiffness, topography and curvature of their substrate. However, important aspects of the membranes used in OOCs and other in vitro models, such as their material and shape, are often neglected. In fact, several OOCs simply use membranes found in commercial inserts [2, 15, 21, 26, 29, 39, 43, 48, 53] or filter membranes [4, 16, 23, 25, 27, 41, 43, 44, 51] . Many are made of polymers that have suboptimal cytocompatibility and often do not have suitable mechanical properties matching the tissue to be developed. To accurately simulate in vivo situations, the membranes used should stimulate natural behaviour of cells and should be made with a surface structure that mimics the architecture of the tissue.
This review focuses on the characteristics and fabrication of porous polymeric membranes used in OOCs, as well as the importance of their characteristics in relation to cell behaviour. The main polymers that have been used for membranes are presented, and the techniques used to introduce porosity in these membranes are discussed. We also highlight other factors affecting cell behaviour, mainly the topography of the surface the cells are growing on, and we include methods to manufacture porous polymeric membranes that more realistically mimic in vivo micro-environments. These membranes could further improve OOCs.
Material properties affecting cells
A very important requirement for producing optimal OOCs is the application of a polymeric membrane which supports the cells and functions as an equivalent of the extracellular matrix (ECM) or more specifically the cell basement membrane found in natural tissue. In this section, we will first briefly discuss important characteristics of the ECM and then focus on important polymeric membrane characteristics tailored to mimic the ECM.
Need for mimicking the extracellular matrix
Both the ECM and the basement membrane comprise a complex arrangement of components, mostly proteins such as collagens, fibronectin and vitronectin. These proteins contain amino acid sequences like arginine-glycine-aspartic acid (RGD), which are potent sites for cell adhesion [54, 55] . Cells interact with these sites via integrins, transmembrane proteins Table 1 . Polymers used for fabrication of porous membranes in OOCs and microfluidic systems.
polymer application poly(dimethyl siloxane) (PDMS) artery [6] erythrocyte oxygenation [7] gut [1, 18, 19] heart [40] kidney [13] liver [1, 3, 13, 38] lung [1, 11, 13, 42] multi-organ-on-chip (MOC) of liver and heart [47] new membranes for OOCs [52] poly(carbonate) (PC) blood -brain barrier (BBB) [4, 43, 44] bonding of membrane to chip [51] colon and breast cancer [27] gut [8, 9] gut, liver and brain cancer [16] MOC of liver and intestine [29] MOC of liver and skin [29] multiple-layered cultures of fibroblasts, endothelial and mesenchymal cells [41] liver, lung and breast cancer and gut [25] skin [5, 23] poly(ethylene terephthalate) (PET)
gut [39] heart [28] kidney [15] liver [17, 48] microfluidic barrier tissues [2] MOC of liver and cancer [21] white adipose tissue (fat) [26] aliphatic polyesters poly(lactic acid) (PLA) endothelial barrier [33] poly ( liver [46] poly(tetrafluoroethylene) liver (hepatic sinusoid) [14] poly(urethane acrylate) (PUA) new membranes for OOCs [52] poly(ethylene glycol)-diacrylate (PEG-DA) new membranes for OOCs [52] rsif.royalsocietypublishing.org J. R. Soc. Interface 15: 20180351 which can also link to the actin cytoskeleton of the cells. Through the connection between the ECM, cell membrane and cytoskeleton, the ECM can affect the cells both mechanically and biochemically. These interactions between cells and cell-adhesive proteins can also play a role in the case of cell substrates other than the ECM. The adsorption of cell-adhesive proteins containing RGD sequences onto a surface can stimulate cell attachment to that surface [54, 56, 57] . Moreover, the conformation of the adsorbed proteins is very important [54] . If the RGD sequences are denatured or not accessible to the cells, adherence may be compromised.
Surface roughness
The surface roughness of a material can significantly influence cell behaviour [57 -60] . Lampin et al. [57] sandblasted the surface of poly(methyl methacrylate) films with alumina grains to alter the surface roughness. Adhesion and migration of vascular and corneal cells increased with higher surface roughness. Proliferation was, however, not affected. They suggested that the increased cell adhesion on films with a higher roughness was due to more adsorbed proteins, such as fibronectin and collagen I and III, on the surface of the films. Dowling et al. [58] cultured MG63 osteosarcoma cells on poly(styrene) with varying roughness. Adhesion of the cells was higher on rough films than on smooth films. Conversely, cell spreading decreased as surface roughness increased. Moreover, MG63 cells showed a decreased cell spreading and an increased integrin expression on titanium discs with rough surfaces compared to discs with smooth surfaces [60] . Kunzler et al. [59] showed that different cell types could be affected very differently by the surface. Rat calvarial osteoblasts (RCOs) and human gingival fibroblasts (HGFs) were cultured on aluminium sheets with a roughness gradient. Spreading of both cell types was reduced on rough surfaces. However, as roughness increased, the proliferation of RCOs increased while that of HGFs decreased.
Hydrophilicity
Hydrophilicity of a material is a strong determinant of protein adsorption and thus cell adhesion [56, 57] . Wala et al. [61] prepared poly(dimethyl siloxane) (PDMS) films with different hydrophilicity (by either oxygen plasma or piranha treatment) and reported that cell attachment, spreading and growth of 3T3 fibroblasts and HaCaT keratinocytes increased with increasing hydrophilicity of the films. Others found that moderate hydrophilicity often yields the best cell response [56, 62] . Lee et al. [56] increased the hydrophilicity of poly(ethylene) films by surface oxidation. Moderate hydrophilicity led to the highest cell adhesion, spreading and growth, while cells performed worse on films with low or very high hydrophilicity. Adsorption of serum proteins also showed an optimum on films with moderate hydrophilicity. The adsorbed proteins were probably the main cause of the increased cell response. Premnath et al. [62] used a laser to introduce nano-patterns in silicon wafers which made the surface more hydrophilic. Again, moderate hydrophilicity increased adhesion of HeLa cells as well as adsorption of cell-adhesive proteins, whereas high surface hydrophilicity decreased adsorption of the proteins and cell adhesion. They also suggested that the superior cell-adhesive properties of moderately hydrophilic surfaces are due to the higher adsorption of cell-adhesive proteins, when compared with hydrophobic or highly hydrophilic surfaces.
Mechanical properties
It is suggested that initial cell adhesion and spreading are regulated by material surface properties, such as hydrophilicity and roughness, while properties such as the stiffness of a cell substrate influence later stages of cell growth [61] . For example, Wala et al. [61] reported that 3T3 fibroblasts proliferated more on stiffer PDMS films (Young's modulus of 2.6-3.2 MPa), while HaCaT keratinocytes showed higher proliferation on softer PDMS films (Young's modulus of 0.6-1 MPa). Wen et al. [63] cultured adipose stem cells (ASCs) on poly(acrylamide) (PAA) hydrogels with varying stiffness. Soft hydrogels directed cells towards adipogenic differentiation, while stiff hydrogels led to osteogenic differentiation. Engler et al. [64] differentiated mesenchymal stem cells (MSCs) on collagen I-coated PAA substrates and showed that the lineage of differentiation depended on the stiffness of the substrate. Substrates with a stiffness corresponding to brain (0.1-1 kPa) and muscle (8-17 kPa) led to neurogenic and myogenic differentiation, respectively, while stiff collagen I substrates (25-40 kPa) led to osteogenic differentiation. When the cell culture medium was changed after one week of culturing on one of these substrates to a differentiation medium for a different lineage, many cells began showing traits of that lineage. However, when the medium was changed after three weeks of culturing, cells were much less plastic. The effect of the stiffness of the substrate was strong enough to lead cells towards a stable commitment for a certain lineage.
Ye et al. [55] looked at the mechanisms involved between substrate stiffness and differentiation by culturing MSCs on poly(ethylene glycol) (PEG) hydrogels with varying stiffness. The hydrophilicity of PEG avoided protein adsorption and cell adhesion, and thus cells could only attach to RGD peptides bound to the surface. Softer hydrogels stimulated adipogenesis, while stiffer hydrogels resulted in osteogenesis. Stiff hydrogels probably led to more focal adhesions and thus more cell tension, inducing osteogenic differentiation, while fewer focal adhesions and less cell tension on softer hydrogels stimulated adipogenesis. Interestingly, Casillo et al. [53] cultured endothelial cells on PDMS films with varying stiffness but did not see an influence of PDMS stiffness on the formation of focal adhesions. It seems that the effect of material stiffness depends on the cell type applied.
Porosity
Porosity is an important characteristic of the membranes in OOCs for achieving cell communication between the chip compartments as well as for achieving oxygen and nutrient transport to the cells. Casillo et al. [53] grew endothelial cells on non-porous and porous SiO 2 membranes. The porous membranes had different pore sizes and corresponding pore spacings. Cells showed fewer focal adhesions and less fibronectin fibrillogenesis on porous membranes, and overall cells showed less interaction with the porous membranes. This effect was stronger on membranes with smaller pores, probably because the spacing between the pores, and thus the amount of continuous space for the cells to adhere was smaller. However, cell-cell interactions in the form of tight junctions measured by ZO-1 activity showed an opposite rsif.royalsocietypublishing.org J. R. Soc. Interface 15: 20180351 trend. Porosity, especially with small pore spacing, could thus limit cell adhesion, but enhance barrier function of cells. They concluded that weaker cell-substrate interaction might lead to stronger cell-cell interaction. Wen et al. [63] , however, found no influence of the porosity on the differentiation of ASCs on PAA hydrogels, suggesting that the effect of porosity on cells may depend on multiple factors.
Microstructures 2.6.1. Microstructures of singular cell size
Hulsman et al. [65] prepared a cell culture chip from poly(lactic acid) (PLA) that contained a large number of differently designed surface microtopographies. Human MSCs responded differently to the different topographies. Especially the amount of open space between the microstructures was important. Cell and nucleus morphology was rounded when cells had enough space to spread, while they had an abnormal shape when they were forced to compact when the spacing between structures was small. Moreover, cells aligned in between structures with a specific spacing. The best alignment was found at spacings of 2.5-14.1 mm, while smaller spacings did not lead to proper alignment. These responses could have major implications for cell behaviour. Reimer et al. [66] confirmed this by using a similar chip prepared from PLA. They found that some topographies could stimulate Oct4 expression and proliferation of hiPSCs, while other topographies decreased it. In general, smaller feature sizes and higher densities of the shapes on the PLA surface stimulated pluripotency of the cells. These results imply that the topography of the surface can potentially trigger a cell to differentiate or remain in a proliferative state. The effect could be the result of mechanosensory pathways, which are activated by specific topographies.
Ochsner et al. [67] cultured human umbilical vein endothelial cells (HUVECs) on PDMS films which contained fibronectin-coated microwells of different shapes and sizes to investigate the effect of the microwells on single-cell behaviour. The space between the microwells was coated with poly(L-lysine)-graft-poly(ethylene glycol) to avoid cell growth outside of the microwells. Smaller microwells confined the cell shape. This confinement led to a more compact cytoskeleton, while the cytoskeleton of cells grown in larger microwells did spread. Cells in smaller microwells often showed actin stress fibres parallel to the length of the microwell. Geometry can also result in survival or death of cells as shown by Chen et al. [68] . They grew human capillary endothelial cells on culture dishes coated with fibronectin (FN) patterns of various shapes and sizes, ranging from the size of single cells to small clusters. Cells preferred growing on the coated areas instead of the culture dish. Better cell spreading, either by bigger patches of fibronectin or spacing between patches, which allowed spreading from one patch to the other, decreased apoptosis, while survival and growth were promoted. The results were independent of the contact area between cells and the ECM, and thus cell shape seemed to be critical between survival and death.
Microstructures larger than a cell
The studies mentioned above mainly looked at surface topographies in the same size range as a single cell. Chen et al. [68] showed that larger topographies involving multiple cells also have significant influence on clusters of cells. Lee et al. cultured a murine cancer cell line on hydrazine-patterned PAA gels to which ECM proteins were bound in different geometries. In general, patterned gels raised tumorigenic and stem-cell-like behaviour, especially at the edges of the tumour. Their results pointed towards a potential role of geometry in the occurrence of metastasis [69] . Similar results were seen with bovine pulmonary artery endothelial cells grown on glass surfaces that contained patches coated with FN [70] . Cells covered the areas coated with FN. Proliferation of the cells was higher at the edges of the areas than at the centre. The geometry of the coated area, and thus the cell colony, influenced the proliferation. A higher amount of stress at the edges of the areas compared to the centre was probably the cause of the increased proliferation at the edges. Human MSCs have also been shown to change their differentiation depending on the substrate shape [71] . The MSCs were grown on FN-patterned glass surfaces. In general, the cells seemed to have a preference for osteogenic differentiation on shapes with sharper edges, while adipogenic differentiation was more common on squares as well as shapes with rounded corners.
Cells do not only respond to topographies as mentioned above. Large, three-dimensional microstructures with sizes of up to several hundreds of micrometres in both width and height can also direct cell behaviour. Papenburg et al. [72, 73] showed the influence of microstructures on the orientation of cells growing on a microstructured membrane. Moreover, there is evidence that cells that are grown in microstructures also arrange their ECM in a more organized manner [74] . The mechanical strength of engineered tissues, consisting of cells and their ECM, improved when grown on microstructured films instead of flat films [74] . Soscia et al. [75] fabricated PDMS films containing microwells coated with poly(lactic-co-glycolic acid) (PLGA) nanofibres. They found that increasing the curvature of the microwells caused an increase of polarity in salivary gland cell lines and a higher expression of the tight junction protein occludin at the apical side. Also, the cells showed signs of differentiation. The magnitude of the curvature affected the strength of the response.
Esch et al. [76] grew HUVECs on PDMS films with square and semicircular microfluidic channels, both under static conditions and under flow. Cell-cell interactions were similar across the different culturing conditions as shown by expression of VE-cadherin. However, vinculin, a measure of focal adhesions, was less present in square channels than in semicircular ones, suggesting that semicircular channels led to a better cell-surface communication. Others have shown that stress fibres were primarily present at the edges of microstructures and that proliferation was also high at those locations [70, 77] , further elucidating the influence of the surface morphology on cells. Conversely, Hebeiss et al. [78] showed that endothelial cells produced fewer stress fibres and focal adhesions when cultured on semicircular porous channels with a 200 mm diameter when compared with flat membranes. Yamashita et al. [79] cultured human aortic endothelial cells and human aortic smooth muscle cells on concave surfaces. Retaining the concave shape of the cell layer became more difficult when contraction of the cells was stimulated by the addition of TGF-b, and thus cells detached. Cell detachment also increased when the concave shape of the substrate was larger. Additionally, Broaders rsif.royalsocietypublishing.org J. R. Soc. Interface 15: 20180351 et al. [80] showed that detachment of cells on PDMS substrates with concave channels is dependent on the cell type. For example, nearly all HUVECs detached from the channels, while Madin-Darby Canine Kidney-Ras cells remained attached to the substrate. Detachment of cells was susceptible to factors which affect contractility of the cells such as blebbistatin, which decreased detachment. Interestingly, larger flat areas between channels increased detachment. They suggested that the flat areas changed the tension in the cells residing in the channels. The machinery involved in cell -substrate and cell -cell interactions as well as cell contraction probably influences each other, causing cells to react to topography with which they are not directly in contact. Channel-like microstructures could potentially mimic other tissues such as small airways, kidney tubules or intestines and thus serve as a better in vitro model as it is clear that surface geometry influences cell behaviour. However, there is still little understanding of the exact mechanisms.
Polymers used in the preparation of membranes for organs-on-chips
Although several polymers have been used to fabricate porous membranes for OOCs and microfluidic systems, only a handful of polymers, i.e. PDMS, poly(carbonate) (PC), poly (ethylene terephthalate) (PET), PLA and poly(1-caprolactone) (PCL), were used in the majority of the studies (table 1) . This is often driven by practical reasons rather than properties of the polymer related to the application. For example, PDMS membranes are rather easy to make and they are transparent (and thus easily applied with microscopy) and flexible (and as a result can be easily handled). PC is very often used in Transwell w cell culture inserts, and therefore reference data are widely available. Using PC in OOCs thus seemed to be a natural way of transferring knowledge from the standard cell culture system. Besides, the notion that the interaction of the membrane with the cells can be tailored by application of surface treatments and/or bioactive coatings on the above widely used materials seems to limit the application of a broader range of materials. In the last few years, it has become more and more evident that also other characteristics of the membrane, such as the mechanical properties, have to be taken into account [55, 61, 63] . For example, in the case of membranes that need to be stretched, an elastic polymer is preferable because it has to withstand deformations for many cycles. Whether a polymer degrades and how it degrades is another important consideration as this would determine possible changes in the membrane properties in time and whether cytotoxicity would occur.
Poly(dimethyl siloxane)
PDMS ( Table 2 . Chemical structures and properties of commonly used polymers for porous membranes in OOCs. The T g is the temperature under which the material behaves like glass and thus is stiff. At temperatures above the T g , polymers are more flexible. The Young's modulus is a measure of stiffness. A high modulus corresponds to high stiffness, while polymers with a low modulus are flexible. The water contact angle is the angle between a water droplet and a polymer film. Polymers with a high water contact angle are hydrophobic, while those with a low contact angle are hydrophilic. The values mentioned are contact angles measured with smooth polymer films as surface roughness changes the contact angle. [87, 88] . This is very relevant because drug studies are an important application for OOCs. One approach to limit the absorption is by coating PDMS, e.g. with a lipid-based coating [88] . In most cases, PDMS needs to be coated with proteins to improve cell adhesion and proliferation. It is also possible to alter the surface chemistry of PDMS to improve cell adhesion [61] . PDMS has a low glass transition temperature (T g ) of 21258C. To prepare creep-resistant PDMS structures, it is cross-linked. A mixture of PDMS prepolymer and a crosslinker is prepared, cast and afterwards exposed to elevated temperatures or UV light. The mechanical properties of PDMS can be tuned by changing the ratio of PDMS to curing agent [61, 67] . Membranes with a Young's modulus as low as 4 kPa can be prepared [67] , which makes it ideal for cells which prefer a soft substrate, such as cardiomyocytes, which need to contract their substrate. Higher amounts of curing agent can yield PDMS with a modulus of several MPa, suitable for cells which prefer a stiffer substrate. This method of casting and curing is often used together with soft lithography to prepare both PDMS membranes and microfluidic chips. These include OOCs mimicking heart [6, 30, 40] , liver [1, 3, 13, 38] , lung [1, 11, 13, 42] , a multiorgan-on-chip of liver and heart [47] , oxygenation of erythrocytes [7] and vascular networks [35] . [29, 43] . PC is hydrophobic, transparent, inert and non-biodegradable. For cells to properly adhere and grow on PC, the surface of PC is often altered by protein coating [4, 9, 23, 44] or gas plasma treatment [43] similar to PDMS. PC, however, is a very stiff polymer and has a T g of 1458C and a Young's modulus of 2-2.4 GPa. As a result, PC is not suitable for OOCs which require membrane stretching and for culturing of tissues which need a soft substrate. Nevertheless, PC has been used in many different OOCs, including studies on the blood-brain barrier (BBB) [4, 43, 44] , cancer [16, 25, 27] and liver [29] . Surprisingly, however, it has also been used for skin [23, 29] and gut [8, 29] OOCs, which would ideally require the cells to be mechanically stimulated by a flexible membrane.
Poly(carbonate)
PC
Poly(ethylene terephthalate)
PET (table 2) is another popular polymer for commercial membranes and inserts. Several OOCs and microfluidic cell culture systems included PET membranes (tables 1 and 3) , often PET membranes which were taken directly from inserts [2, 15, 21, 26, 39, 48, 53] or porous filter membranes [28] . PET is transparent, inert and non-biodegradable and also requires treatment to improve cell adhesion, such as plasma treatment. It has a T g of 708C and a Young's modulus of approximately 2 -3 GPa. Thus, like PC, PET is not suitable for OOCs which require mechanical strain on the cells. It has been used, however, for OOCs mimicking gut [39] and studies on endothelial cells [2, 28] as well as fat [26] , liver [17, 21, 48] and kidney [15] .
Aliphatic polyesters: poly(lactic acid) and poly(1-caprolactone)
The aliphatic polyesters PLA [33] and PCL [34] (table 2) have been used in in vitro models mimicking the BBB (table 1) . Both polymers are hydrophobic and biodegradable. This could hold potential for functioning as a temporary membrane, which is later replaced by the ECM of the cells to create an entirely natural cell layer. It has to be taken into account, however, that due to the degradation, the membrane pores might change over time. Moreover, the degradation products of these esters are acidic and thus could affect cells. The T g of PLA and PCL differs significantly at approximately 55 -658C and 2608C, respectively. As a result, PCL is in a more deformable state at room or body temperature than PLA. This is accompanied by a Young's modulus of 400 MPa for PCL [85] and 3 -4 GPa for PLA. The high modulus makes PLA unsuitable for membranes which should be exposed to mechanical strain.
Preparation of porous polymeric membranes for organs-on-chips
The porous membranes in OOCs should not only provide support for the cells, but should also allow communication of the cells between the chip compartments and allow nutrients and other factors to reach all the cells. For example, in the lung-on-a-chip from Huh et al. [12] , porous membranes were applied, so neutrophils could pass the membrane and reach the lung cells on the other side of the membrane to initiate an immune response against Escherichia coli. In general, membranes in OOCs are made porous by two methods that allow for good control of the pore size, shape and distribution (table 3) .
Soft lithography
The most common method to fabricate components of the OOCs is soft lithography. It is used for both the 'rigid' chip itself [1,2,5 - PUA [52] electrospinning PCL [34] rsif.royalsocietypublishing.org J. R. Soc. Interface 15: 20180351 suitable to prepare porous membranes for OOCs (table 3) . Huh et al. [1] pushed the micropillars of a silicon master through an uncured PDMS film (figure 2). The punctured film was cured to create a porous PDMS membrane. The size, distribution and amount of the pores were thus all controlled by the micropillars on the silicon master. This method results in a low pore tortuosity as the pores are always perpendicular to the membrane surface. This is a great advantage because the migration and transport of cells and nutrients are optimized. A similar approach was used by Pensabene et al. [33] , who used a patterned mould with microneedles made of poly(vinyl alcohol) to prepare porous PLA membranes for PDMS-based OOCs containing endothelial cells.
Track etching
Many of the porous membranes from OOCs originate from commercial inserts or filter membranes made of PC and PET which were prepared by track etching [2, 4, 5, 21, 23, [25] [26] [27] 29, 39, 41, 43, 44, 51] . Track etching involves applying either electrons, heavy ions, X-ray irradiation or UV light, which pass at predefined spaces of a mask. For example, ion track etching (figure 3) uses heavy ions to cleave polymer chains at specific spots to form cylindrical tracks of degraded polymer, perpendicular to the surface of the film. After irradiation, the tracks have to be opened. A conventional method is wet-chemical etching which uses chemicals or etchants, often acids or bases such as sodium hydroxide, which may not be preferable for some polymers [78, [89] [90] [91] . By changing the etchant concentration, etching temperature and etching duration, pore sizes can be tailored from nanometres to micrometres (figure 3d). With the polymer removed, cylindrical pores remain with low tortuosity. The control over pore size, shape and density makes track etching a very relevant method to produce porous polymer membranes which are very suitable for transport or migration studies.
Microfabrication of membranes for use in future organs-on-chips
As we discussed earlier, to create reliable and representative OOCs, we need to apply membranes with surface topography closely mimicking the topography of the tissue/organ to be investigated. In this section, we will discuss the state of the art in developing porous, microstructured membranes which could replace the flat, non-microstructured membranes currently used in OOCs. Realistic cell behaviour could be stimulated by culturing cells on porous membranes that also include microstructures which resemble the configuration of the cells in the body. To prepare such porous, microstructured membranes, the mentioned methods to produce porous membranes can be combined with microfabrication. Microfabrication consists of a set of techniques to prepare micrometre-scale structures. Microfabrication is already applied in OOC technology to prepare the chips [1, 18, 19] , but not used to fabricate porous, microstructured membranes. Taking advantage of microfabrication as it is used in other fields of biomedical engineering could accomplish the three-dimensional organization of cells. Microfabrication could provide a robust, reproducible micro-environment that is independent of the culturing conditions of the cells. Microfabrication would make it possible to prepare structures that mimic different versions of a particular tissue, such as large or small blood vessels, 
Soft lithography replica moulding
As mentioned before, soft lithography is used for fabrication of flat porous membranes, as well as the chips of OOCs. However, it can also be used for producing microstructured membranes. The most common soft lithography technique for OOCs is replica moulding (figure 4a) [1, 15, 18, 19, 33] . In the case of OOCs, uncured PDMS is deposited on a microstructured mould and cured ( figure 4a(i-iii) ). After removal from the mould, the PDMS contains negative copies of the microstructures of the mould ( figure 4a(iv) ). Although simple and accurate, there are limitations to the capabilities of soft lithography. Microstructures will only appear on one side of the membrane, while the other side remains flat ( figure 4a(iv) ). Pores could be included, but their position and orientation would be limited. Using micropillars as discussed before, pores can be created perpendicular to the surface of a flat membrane. For the purpose of a porous membrane with microwells, the walls of the microwells would not contain pores as the mould cannot be made with micropillars in the horizontal direction.
Another approach is to combine soft lithography with other pore-forming methods such as particulate leaching. Vozzi et al.
[92] prepared scaffolds of PLGA by different soft lithography techniques. By dispersing glucose grains in the polymer solution which were leached afterwards, it was possible to introduce pores into the scaffolds. Likewise, soft lithography could be used to prepare porous, microstructured membranes.
Phase separation micromoulding
Phase separation micromoulding (PSmM) (figure 4b) enables the introduction of porosity and patterns into membranes in one step by inducing phase separation, most often liquidinduced phase separation [72, 73, 93, 94] , of a polymer solution on a patterned mould. The appropriate polymer solution is cast onto a micro-and/or nanostructured master mould (prepared by technologies derived from microelectronics and photolithography). During liquid-induced phase separation, solvent and non-solvent liquid exchange initiate phase separation until the polymer solution contains sufficient non-solvent to precipitate. As a result, the porous membrane solidifies and releases from the mould. By selecting the right solvent/non-solvent system with the specific polymer, the porosity of the resulting membrane can be tuned. The shape, size and distribution of the microstructures that are imprinted in the membranes can be altered by changing the design of the mould to meet the requirements of a particular application [9, 72, 73, 93] .
Thermoforming
Porous, microstructured membranes can be made by thermoforming [78, [89] [90] [91] 95] . With most thermoforming methods, a polymer film is placed on a plate which acts as the mould and contains the microstructures that have to be replicated [78,89 -91,95] . It is then heated to a soft but still solid state, after which a force is applied to shape the film to the mould. This force can be applied in several ways, most commonly by air pressure (figure 5a), a vacuum (figure 5b) or a mechanical force ( figure 5c,d ). The properties of the film To create porous, microstructured membranes, thermoforming is often used in conjunction with ion track etching [78,89 -91] . Usually, polymer films are first track-etched locally and are then thermoformed into a three-dimensional shape. Finally, the pores are opened by wet-chemical etching. Particular attention is needed because the films are stretched during thermoforming. By opening the pores afterwards, the effect of stretch on pore size and shape is minimal [78, [89] [90] [91] .
Thermoforming has been used to prepare an alternative Boyden chamber for studies on trans-endothelial transport [78] . By combining ion track etching with thermoforming, porous PC membranes with a semicircular microchannel were prepared which closely resembled the three-dimensional shape of a blood vessel. Indeed, these kinds of systems allow for a more realistic study of, for example, trans-endothelial transport of drugs [78] .
Hou et al. [96] compression-moulded a mixture of dispersed salt particles in PCL. Compression moulding is very similar to thermoforming. However, a clear distinction has to be made. Often temperatures are much higher during compression moulding than thermoforming, heating a polymer above the melting point to a liquid state. When the polymer is in the liquid state, it is compressed into a film between two plates and afterwards cooled. By using microstructured moulds instead of flat plates during compression moulding, the films can be made to contain microstructures, and pores can be formed by particulate leaching.
Buitinga et al. [95] prepared flat films of poly(ethylene oxide terephthalate) -poly(butylene terephthalate) (PEOT/ PBT) block copolymer by solvent casting. This was followed by evaporation of the solvent to form a dense film. The films were then thermoformed to obtain a microwell array where human islets of Langerhans were cultured separately without adhesion to the film or each other. They also prepared porous PEOT/PBT membranes via electrospinning which were afterwards thermoformed.
Electrospinning
Electrospinning can also yield porous, microstructured membranes in one step. Electrospinning involves charging a polymer solution or polymer melt by a high voltage (figure 6a). The charge attracts the polymer to a ground plate, where it is collected. Because changes in the charge occur between the needle and the collection substrate, the polymer flow will continuously change direction and thus spread over the ground plate, resulting in a fibre mesh. The amount of space between fibres can be changed by controlling the density and amount of the polymer solution that is deposited, effectively controlling the porosity, pore size and thickness of the membrane [98, 99] . The same principle can be applied to fabricate porous, microstructured membranes by electrospinning over microstructured moulds (figure 6b). Cheng et al. [100] spun PLA fibres on PDMS moulds containing different pyramid-like microstructures. Distinct PLA structures were obtained by changing the dimensions of and spacing between the pyramids.
Conclusion
There are significant issues concerning the development of new drugs. In vitro and in vivo models often do not predict drug responses in humans and clinical trials do not account for individual differences in response to drugs. Recently, OOCs have been developed to overcome these issues. OOCs are small microfluidic chips that contain cells and feature characteristics of an organ, such as fluid flow and mechanical forces, in order to closely mimic organ function. Indeed, OOCs have proved that cells show more realistic behaviour in an environment which resembles their native tissue than in traditional static culturing systems. In most OOCs, cells are cultured on a porous polymer membrane. Although OOCs confirm that mimicking the cell environment is beneficial, there is little attention paid to the membranes used in OOCs. Membrane properties such as stiffness and surface roughness can greatly influence cells, such as their adherence and growth. Moreover, cells react to the shape of the membrane, such as the presence of microstructures.
Most membranes in OOCs are made from only a few polymers, which often require treatments or coatings to allow cells to adhere and grow. Moreover, most of the polymers cannot be stretched, and thus many OOCs cannot provide mechanical strain to the cells, despite the often dynamic nature of the native tissues the OOCs try to mimic.
The pores in the membranes are fabricated with two methods in particular, i.e. soft lithography using a micropillar mould or ion track etching of a polymer film. Both offer good control over pore size and density, and result in low pore tortuosity. In fact, commercial membranes made by ion track etching are used in many OOCs.
There is compelling evidence that surface microstructures have a significant effect on cells and can stimulate realistic cell behaviour. Despite this, membranes in current OOCs are flat, while there is great potential for microfabrication of three-dimensional environments. Microfabrication provides simple processing techniques for the preparation of microstructured membranes from a wide variety of materials.
Soft lithography and thermoforming have already been used to prepare porous, microstructured membranes for purposes outside the field of OOCs. In these cases, thermoforming is combined with ion track etching to create the microstructures and pores, respectively. Soft lithography can be used to produce microstructures and has to be complemented with techniques such as particulate leaching to prepare porous, microstructured membranes. PSmM is very similar to soft lithography replica moulding. However, PSmM can create both pores and microstructures in a single step. Porous membranes with microstructures can also be produced by electrospinning in conjunction with thermoforming or electrospinning alone.
Thus far, evidence concerning the effects of membrane characteristics, polymer properties and surface microstructures on cells has been neglected in the field of OOCs. However, the desire to improve OOCs demands that all elements of the system are optimized, including the membranes. To do so, we need to understand more about the underlying mechanisms of cell-substrate interactions and how they affect cell behaviour. Moreover, although it is becoming clear that each cell type has preferences, it is not known what those ideal substrate properties are. By mimicking the stiffness of the native ECM, while providing a collagen coating to stimulate cell adhesion, it is already possible to direct MSC differentiation [64] , indicating that properly mimicking the ECM is beneficial. Conversely, not having the correct properties of a substrate might give interfering cues to a cell. While most studies make use of only a few polymers, often with different properties from the tissue of interest, other studies show less common polymers with superior cytocompatibility and/or mechanical properties, which should be explored. Surface roughness, porosity, cell adhesive properties and the inclusion of microstructures spanning multiple cells should also be optimized. However, these studies could very easily become impractical with many variables to consider.
Therefore, systematic studies with high-throughput screening are needed, such as those using chips with numerous geometries to analyse cell responses to surface topography [65, 66] . This could also provide information about the preferred spacing of topographies which could be used when considering the surface roughness, pore size and porosity. Systems such as that of Lee et al. [69] , where different ECM proteins can be attached to the substrate surface, could provide tools to better investigate cell responses to substrate stiffness for example, with limited influence of the substrate chemistry. Combining these kinds of methods could provide highthroughput chips which can systematically screen for the best topography, stiffness, surface roughness and other properties to come closer to the native ECM. Lastly, incorporating microstructures with similar shapes and dimensions as the native tissue would further mimic the spatial organization of cells in the body.
Microfabrication can be applied to create a wide range of porous, microstructured membranes acting as controllable, physiologically accurate representations of native tissue morphology. Depending on the requirements for the membrane or limitations of the polymer, microfabrication offers different techniques for creating both the pores and microstructures to suit these needs. The relative simplicity of microfabrication techniques makes them viable tools for the preparation of a new generation of membranes to be used for further improvement of OOCs.
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